The feasibility of the optical monitoring of biological fluids, for example, albumin in serum, in a microfabricated silicon flow cell has been demonstrated. This module couples a fiber-optic reflection probe (one emitting fiber and six receiving fibers) to a small-volume silicon flow-cell (in µl range) for reflection-absorption measurements. The coupling efficiency of light between the optical fibers in such a system has been calculated (7.07%), and its optimum values (19.5% -19.6%) as a function of the cover glass thickness and the silicon channel depth predicted.
The continuous monitoring of a chemical or biochemical species is gaining increasing attention in medical science, biotechnology, environmental science, and process control. To this end, theoretical considerations indicate that the miniaturization of these systems not only saves samples and reagents, but in some cases should also result in an enhancement of the analytical performance. 1 Since the growth of the microelectronics industry, the micromachining of silicon wafers has become a standard procedure to obtain mechanical microstructures. Besides its semiconductor qualities, monocrystalline silicon is abundant and inexpensive, has excellent mechanical and chemical properties, and can be processed in mass production.
In addition, the wetting properties of silicon surfaces are believed to be important for the broader issue of biocompatibility. It is a well-known problem that proteins adsorbs to, and denatures at, surfaces. The interaction between a solid surface and proteins is often stronger at hydrophobic surfaces. For silicon surfaces, the water contact angle varies with the cleaning and etching procedures. 2 In general, native oxide or oxidized surfaces of silicon are hydrophilic and interact less strongly with proteins. 2 Hence, for applications where the silicon microstructures are not intended for long-term use, modifying silicon surfaces to enhance biocompatibility properties may not be necessary. This is attractive because mass-produced silicon devices are cheap and may minimize the short-term biocompatibility problem as well.
Albumin is one of the important analytes for clinical analysis. Dye-binding techniques are popular for albumin determination 3 because they are simple, inexpensive and easily automated. Of these, methods using Bromcresol Purple (BCP) are reported to be more specific for albumin than the widely used Bromcresol Green (BCG) methods. 3 This study will employ a BCP method to demonstrate the feasibility of the optical monitoring of biological fluids in a microfabricated silicon flow-cell. The module is simple, easy to fabricate, having a volume in the microliter range, and has a collection efficiency of light much higher than in an earlier study. 4 Although a micromachined glass detection cell with good limits of detection for absorbance and fluorescence measurements has been developed for capillary electrophoresis 5 , the alignment of the optical fibers in the cell is complicate, and is thus unsuitable for use in a disposable manner. In this study, the detection method is based on reflection-absorption measurements. The replacement and alignment of the flow-cell is easily automated. Moreover, the module may also be extended to fluorescence measurements after minor modifications.
Experimental
As shown in Fig. 1 , the cell consists of a chip and a cover glass. The chip has holes etched through it to allow a solution to be introduced to and removed from the cell. Cells of this type, having volumes ranging from about 0.45 to 3.6 µl and channel depths of 50 to 200 µm, have been constructed using established micromachining techniques. Thermally oxidized (1 0 0) oriented wafers were used as starting materials for the chip, and were cleaned by a plasma asher prior to micromachining. Channels and through-holes in the chip were etched using a standard silicon etch (240 ml H 2 O, 750 ml ethylene diamine, 240 g pyrocatechol, and 4.5 g pyrazine) with an oxide acting as a mask. The silicon etch rate for the (100) planes was about 1.6 µm/min at 115 -118˚C. Silicon dioxide layers were etched using a 10:1 buffered oxide etch. The oxide etch rate was about 40 nm/min. The micromachined silicon chips were then diced and cleaned in a 1:4:6 H 2 O 2 -NH 4 OH-H 2 O mixture at 50˚C prior to anodic bonding. Upon removal from the cleaning mixture, the silicon chips were bonded to 200 µm ESCO Pyrex cover glasses in an anodic bonding fixture at 350˚C and 500 V, with the silicon chip at a positive voltage and the cover glass at the ground potential.
Reflection-absorption measurements in the silicon cell were obtained using the experimental set-up shown in Fig. 1 with an Ocean Optics PC 1000 fiber-optic spectrometer. The microfabricated module and a fiber optic reflection probe (Ocean Optics, Inc.) were held in place in a metal fixture. The fiber-optic reflection probe has one emitting fiber and six receiving fibers, all with a core diameter of 200 µm, a cladding thickness of 25 µm, and a numerical aperture of 0.22 in air. The shape and size of the silicon channel was engineered so as to allow a laminar flow at a low flow rate (<5 mm/s) and at a low pressure drop (<10 -2 psi/cm) 6 , as shown in the inset of Fig. 1 . A gasket (Sylgard 184 Silicon Elastomer, Dow Corning) was placed in between the silicon chip and the metal support. The introduction of samples was achieved by a disposable syringe. Albumin standards, albumin reagent (Bromcresol Purple), and Phenol Red were purchased from Sigma Chemical Company.
Results and Discussion
Preliminary experiments were carried out using a cell with a channel depth of about 200 µm, as shown in Fig.  1 . At normal incidence, the light beam is partly reflected at the silicon surface and the reflectance depends on the refractive indices of the incident and reflecting media. In this case, the refractive indices were 1.333 for water and 3.49 for silicon respectively. 4 By the Fresnel Equations 7 , the reflectivity at the water-silicon interface at normal incidence was calculated to be 0.200. However, a light beam exiting from an optical fiber diverges at an angle defined by the numerical aperture of the optical fiber and the refractivity at the phase boundaries (Fig. 2a) . As such, only a part of the end face of the receiving fiber may be inside the light cone, as shown in Fig. 2b .
To evaluate the coupling efficiency between the optical fibers in this measurement configuration, a modulation function (M s ) is defined as the ratio of the radiant power intercepted by the receiving fiber to the radiant power emitted from the emitting fiber. From this definition, the coupling efficiency of light between the optical fibers at a particular distance from the probe tip to the object can be estimated as
where β is the fraction of the fiber end face that contributes to the received radiant power; r is the radius of the fibers; h is the probe-to-object distance; and NA is the effective numerical aperture of the fibers, which is defined by sin θ a , where θ a is the effective acceptance angle for the fibers at the four-phase boundaries (Fig.  2a) . As illustrated in Fig. 2b, β=0 ( i.e., zero overlap) when q≤ p-r, while β=1 (i.e., complete overlap) when q=p+r. In this configuration, the probe-to-object distance (h) is defined by the cover-glass thickness (h 1 ) plus the silicon channel depth (h 2 ), i.e., h=h 1 +h 2 . For most of our experiments, h 1 was about 200 µm and h 2 was about 200 µm. At these distances, the modulation function was calculated to be 0.353. This calculation was based on considerations of the reflectivity and refractivity of light at the boundaries of the four phases: fiber core, glass, water, and silicon. Including the loss due to imperfect reflection at the silicon surface, the overall coupling efficiency between fibers was about 7.07%.
To test the behavior of fluid flow in this module, a Phenol Red solution (1 mM) at pH 12.5 was used. The minimum sample volume required to fill the channel and to obtain a reproducible spectrum was smaller than 30 µl. This minimum volume included the dead volume in the sample introduction port and the connecting tubings. The dead volume could be further minimized to give a minimum sample volume of less than 10 µl. To rinse out the dye solution, a pH 12.5 buffer was used. The efficiency of rinsing was monitored optically, as shown in Fig. 3 . The results suggest that the samples could be rinsed out thoroughly in this module with only three rinses. The reproducibility of the sample spectra in this module was also evaluated by repeating the sample introduction and rinsing steps. The spectra obtained in this case was reproducible within the limits of the allowable errors. Figure 4 presents the spectra obtained through a static measurement of a series of solutions containing the dye Bromcresol Purple at various concentrations of albumin. The spectra exhibit a strong absorbance at 610 nm, which was used to construct a calibration curve, as 723 ANALYTICAL SCIENCES AUGUST 1999, VOL. 15 shown in the inset of Fig. 4 . The calibration curve shows reasonable linearity over the physiological concentration range. The reproducibility of the sensor output was examined with two identical samples. As shown in Fig. 4 , the difference in the outputs of these identical samples was insignificant.
The coupling efficiency between the optical fibers could be further optimized with respect to the cover glass thickness (h 1 ) and the silicon channel depth (h 2 ). Figure 5 shows a three-dimensional plot of the coupling efficiency between the fibers versus h 1 and h 2 . Here, the response surface was explored by a two-factor factorial design 9 and the optimum responses were located by a variable-size simplex algorithm 10 to obtain numerical solutions of Eq. (1). As shown in the figure, the plot reveals a "ridge" of optimum coupling efficiency, which is about 0.195 -0.196. Empirically, the optimum responses are observed at points (h 1 , h 2 ), which follows the relationship h 2 =0.697-0.886h 1 .
The correlation coefficient of this linear regression is -0.998, which suggests a significant linear correlation between h 1 and h 2 for the optimum responses to be observed. Because most of our experiments were performed with a silicon channel depth of about 200 µm, Eq. (2) should help in predicting the optimum cover glass thickness, which is estimated to be 560 µm. In other words, the optimum coupling efficiency of a 200 µm silicon flow cell could be achieved by an increase in the cover-glass thickness from 200 µm to 560 µm. Alternatively, the silicon channel depth (i.e., the optical path length) can be adjusted to fit the absorbance of a particular analytical reaction. For this work, an optimum coupling efficiency could also be achieved by an increase in the silicon channel depth from 200 µm to 520 µm at a cover-glass thickness of 200 µm. The increase in the silicon channel depth has an additional advantage of increased optical path length, which would lead to increased sensitivity. This optimum silicon channel depth, however, exceeds the thickness of the commonly used silicon wafers. Nevertheless, this work suggests a way to fabricate a miniaturized optical flow-cell with optimum collection efficiencies of light and an adjustable optical path length. Moreover, upon minor modifications, say, the addition of a filter, the module may be extended to fluorescence measurements. 
